Abstract-We have previously investigated the change of apparent lateral speckle size caused by the direction and spatial rate of scanner A-line acquisition (scan velocity). An algorithm which measures the lateral component of blood flow velocity was developed based on the increase in speckle size resulting from relative motion between moving scatterers and the scan velocity. In this paper, the change of the apparent dominant angle of the speckle pattern in a straight vessel was investigated and a new method of two-dimensional blood flow velocity estimation is introduced. Different scan velocities were used for data acquisition from blood flow traveling at an angle relative to the ultrasound beam. The apparent angle of the speckle pattern changes with different scan velocities because of misregistration between the ultrasound beam and scatterers. The apparent angle of the speckle pattern was resolved by line-to-line cross-correlation in the fast-time (axial) direction on a region-of-interest (ROI) in each blood flow image and used to spatially align the ROI. The resulting lateral speckle size within the aligned ROI was calculated. The lateral component of the blood flow is shown to be closest to the scan velocity which gives the maximum speckle size and the apparent angle of speckle pattern collected by this scan velocity is the best estimate for the actual angle of blood flow. These two components produce two-dimensional blood flow velocity estimations. This method was studied through both computer simulation and experiments with a blood flow phantom. Nine scan velocities were used to collect blood flow data with velocities ranging from 33 to 98 cm/s and four beam-to-flow angles. In simulated plug blood flow, the mean bias of angle estimation is below 2% with an average standard deviation of 3.6%. In simulated parabolic blood flow, the angle of blood flow is overestimated because of speckle decorrelation caused by flow gradients and the estimation bias increases with decreasing beam-to-flow angle, which has an average value of 8.8% and standard deviation of 10%. Because of the complexity of flow profiles in the blood flow phantom, the angle of blood flow is also overestimated and the mean bias is increased by a factor of two compared with simulated parabolic flow. For the velocity estimation results, the mean bias is below 5% with an average standard deviation of 4.6% in the simulated plug blood flow. In the simulated parabolic flow and blood flow phantom, the velocity is underestimated because of speckle decorrelation. The mean bias of velocity estimation in the simulated parabolic flow is −6% with an average standard deviation of 11.2%. In the blood flow phantom, the mean bias of the velocity estimation is −5% with a higher average standard deviation of 21.5%. This method can resolve the angle and amplitude of two-dimensional blood flow simultaneously. The accuracy of the estimation can be further improved by using more scanning velocities.
I. Introduction B lood flow measurement is one of the major functions of medical ultrasound imaging systems. To measure the velocity of blood flow noninvasively, an ultrasound beam is emitted by an ultrasound transducer into the human body. Ultrasound waves will then be reflected back to the transducer by the scatterers in the blood (typically red blood cells). This process is continuously repeated several times. Based on the location of the blood flow, the reflected signals can be gated at a certain depth. The signal constituted by samples from successive received a-lines (the slow-time signal) contains frequency components proportional to the blood velocity along the ultrasound beam [1]. The frequency distribution can then be calculated by spectral estimation of the sampled signal. Using the doppler equation, the velocity distribution at the sampling depth can be converted from the frequency spectrum, which is known as spectral doppler. Instead of emitting the ultrasound beam in one direction, color doppler performs data acquisition similar to spectral doppler, but with a much smaller number of samples, in different directions and then estimates the velocity at different depths. The velocity can be found through an autocorrelation approach developed by Kasai et al. [2] and Hein and o'Brien [3] . a color-coded image of velocity is then superimposed on the B-mode image. although these two doppler based methods have been widely investigated and commercially implemented, a limitation of these velocity estimation techniques is that only a 1-d projection of the blood velocity vector along the axial dimension of the ultrasound beam can be found, because there is no doppler frequency shift (actually sample-to-sample phase change) when the transducer face is aligned parallel to the blood flow. Because complex fields are present throughout the arterial system, multidimensional flow imaging is desirable. This would allow better assessment of the flow field and its associated hemodynamic parameters, and hence potentially improve cardiovascular risk assessment [4] . several 2-d estimation algorithms have been developed for resolving complex flow patterns by estimating both the axial and lateral velocity component. Vector doppler extends 1-d doppler techniques by emitting ultrasound beams along different angles and making vector velocity estimation through triangulation [5]- [8] . speckle tracking measures multidimensional blood flow by tracking displacement of the speckle pattern generated by scatterers (typically red blood cells) in blood [9] , [10] . Feature tracking simplified speckle tracking by only tracking features of the speckle patterns [11] , [12] . Transverse spatial modulation applies lateral modulation to influence the received signal by transverse motion [13] , [14] . other techniques such as multidimensional spectrum analysis [15] and maximum likelihood blood velocity estimation [16] have also been proposed. a more complete review can be found in [17] and [18] . our previous studies introduced a new way to measure the lateral component of blood flow using the change of apparent speckle size resulting from the direction and spatial rate of scanner a-line acquisition [19] . In this paper, instead of resolving the flow purely lateral to the ultrasound beam, a new method of two-dimensional blood flow velocity measurement based on the apparent angle of the speckle pattern is proposed. The scanning geometry is similar to that used in our previous studies [19] . nine scan velocities were used in this paper. By comparing the speckle size of aligned blood flow images collected by different scan velocities, the amplitude and direction of the blood flow can then be resolved simultaneously. Phantom experiments and computer simulations were investigated to test the blood flow angle and velocity amplitude estimation performance. The purpose of this paper is to introduce a new method to measure 2-d blood flow velocity using observations of the change in speckle patterns related to scan velocity.
It should be noted that several important parameters could be studied but are not studied here; they will be investigated at a later time. For example, we assume point spread function (PsF) spatial invariance, although all flow algorithms are affected by depth dependence of the impulse response. Elevational (out-of-plane) flow is not considered here (however, although speckle decorrelation would certainly increase, theoretically no speckle elongation effects would occur, resulting in a (correct) zero estimate of flow in the scan plane). Finally, algorithm optimization, such as the effects of optimal roI selection and signal-to-noise ratio, and hardware/software costs are outside the scope of this paper, although they will certainly be studied in the future.
II. Background
In our previous studies [19] , the flow purely lateral to the ultrasound beam was collected by scanning in the same direction as the blood flow. a similar scanning geometry was used in this paper to collect data from the blood flow with a specific angle relative to the ultrasound beam axis. different scan velocities were used for data acquisition. an roI was selected from each B-mode image, an example of which can be seen in Fig. 1 . line-by-line crosscorrelation in the fast-time (axial) direction was used to resolve the apparent angle of the speckle pattern, which can be described as follows: where x and y represent two successive a-lines (adjacent scan lines in both time and space) from the roI and s is the lag between these two a-lines. The cross-correlation coefficient was calculated for each s, and the value s which gives the maximum cross-correlation coefficient between x and y was recorded as their distance shift d xy . This process was done for every pair of successive a-lines in the roI and the d xy with the highest frequency of occurrence (i.e., the mode) was considered to be the overall distance shift of the roI, d roI . Given the line increment of scanning, d incre , the apparent angle θ a of the speckle pattern was calculated as as described previously, the apparent angle of speckle pattern is estimated by line-to-line cross-correlation in the fast-time (axial) direction on the speckle pattern of the blood flow images. However, our experiments showed that the apparent angle θ a is not always the same as the actual blood flow angle θ. They only equal each other when the lateral component of blood flow is the same as scan velocity. The relationship between these two angles can be shown as
The reason for this phenomenon is visually demonstrated in Fig. 2 , depicting a single scatterer moving from left to right across an roI in which successive a-lines are also being collected; θ is the actual angle of blood flow, and θ a is the apparent angle of the blood flow. When the lateral component of blood flow is slower than the scan velocity, as is the case in Fig. 2 , the ultrasound beams are collecting data laterally faster than the scatterer is moving. Because of the width of the ultrasound PsF, the transducer receives a reflected ultrasound echo even if the scatterer is not precisely at the focal position of each beam. The correct depth information of the scatterers is more accurately preserved as a result of dynamic receive focusing; however, errors will occur in the lateral positions of this scatterer. In Fig. 2 , because the lateral component of blood flow velocity is less than the scan velocity, the apparent lateral position of the scatterer will be shifted to the right. as shown by the circles, these positions will be interpreted as the scatterer positions by the transducer. a similar, accumulated effect occurs with many scatterers in the roI. as a result, the apparent angle of the speckle pattern will be greater than the actual blood flow angle. The opposite phenomenon will occur when the lateral component of blood flow velocity is greater than the scan velocity. Under this condition, the apparent angle of the speckle pattern will be less than the actual blood flow angle.
as discussed in our previous studies [20] , the apparent lateral speckle size increases when the scan velocity is close to the lateral component of blood flow because the lateral rate of ultrasound beam movement becomes synchronized with the movement of scatterers. To compare the apparent speckle size of blood flow images collected by different scan velocities, the roI is first aligned by the apparent angle of the speckle pattern, which means shifting each a-line by d roI to make the speckle pattern in the roI purely lateral, as shown in Fig. 3 . Then, the speckle size is calculated by the full-width at half-maximum (FWHM) of the autocovariance function (acVF) of the roI [21] . The speckle size will change for different scan velocities. When the speckle size reaches its maximum value, the lateral component of blood flow equals the scan velocity and the apparent speckle angle equals the actual blood flow angle. Thus, in this method, two-dimensional blood flow velocity estimates are made.
III. Materials and Methods
a commercial flow phantom (optimizer rMI 1425, Gammex, Middleton, WI), was used to simulate blood with an approximately parabolic flow profile. Bloodmimicking fluid which has acoustic properties similar to blood (speed of sound 1550 m/s, density 1.03 g/ml) was pumped through a tube (5 mm inside diameter, 1.25 mm thickness, 40° from horizontal) in the phantom, and the tube was surrounded by tissue-mimicking material (speed of sound 1540 m/s, attenuation 0.5 dB/cm/MHz). a sonoline antares ultrasound imaging system (siemens Medical solutions, Issaquah, Wa) was used for data acquisition. The VF7-3 linear array transducer (192 elements, 3.33 MHz center frequency) was set to focus on the tube located in the blood flow phantom, with a total imaging depth of 5 cm. The axius direct ultrasound research interface (UrI) was employed to transfer ultrasound data (post-beamformation but before any downstream processing) to a computer for further analysis. Imaging parameters can be accessed from the header information given by the UrI, including frame rate, number of a-lines, and beam spacing. Thus, the scan velocity can be calculated given the values of these parameters. In our experiments, nine scan velocities were used: 22, 26, 31, 37, 46, 52, 63, 75 and 91 cm/s. six different flow velocities were set for the flow phantom: 33, 41, 55, 65, 80, and 98 cm/s. Two angles between the blood flow and the ultrasound beam were used: 50° and 70°.
a Field II simulation [22] , [23] was also used to generate blood flow data for the experiments. at least ten scatterers were assigned to each resolution cell over a 3-d volume to produce a fully developed scatterer field. Four angles between the blood flow and the ultrasound beam were simulated: 10°, 30°, 50°, and 70°. other parameters used in the simulation are similar to the sonoline antares ultrasound imaging system and the flow phantom as mentioned previously; see Table I . Two flow conditions were simulated: the first flow condition had a plug flow distribution in the vessel. The second flow condition had a parabolic velocity distribution in the flow with maximum velocity at the center and decreasing to zero at the boundary of the vessel, producing a lateral gradient similar to the flow velocity in the blood flow phantom.
Ten images were simulated or collected for each scan. In each image, an roI with an axial length of 3 mm and a lateral length of 4.2 mm was selected from the tube, as shown in Fig. 1 . This roI was then used to calculate the apparent dominant angle of the speckle pattern. after roI alignment by the dominant angle of the speckle pattern, the speckle size of the blood flow images collected by different scan velocities was then calculated to resolve the lateral component and actual angle of the blood flow.
In both simulation and phantom experiments, the actual velocity was taken to be the peak velocity from calculated flow (simulation) or pulsed-wave (PW) doppler measurement on the antares (phantom).
IV. results Fig. 4 shows the apparent angle of the speckle pattern and the speckle size of aligned blood flow images when the angle between blood flow and ultrasound beam axis is 50°. Fig. 4(a) shows the apparent angle of the speckle pattern of simulated plug flow collected by different scan velocities. Fig. 4(b) shows the apparent angle of the speckle pattern of simulated parabolic flow collected by different scan velocities, and Fig. 4(c) shows the apparent angle of the speckle pattern of the blood flow phantom collected by different scan velocities. It can be seen that the apparent angle of the speckle pattern is less than the actual blood flow angle when the scan velocity is less than the lateral component of blood flow and greater than the actual blood flow angle when the scan velocity is greater than the lateral component of blood flow. When the scan velocity equals the lateral component of blood flow, the apparent angle of the speckle pattern equals the actual angle of blood flow. image collected by different scan velocities. Using these results, the estimated velocities were plotted versus actual velocities in Fig. 6 . Fig. 6(a) shows the reference line and estimated velocities versus actual velocities in simulated plug flow, Fig. 6(b) shows the reference line and estimated velocities versus actual velocities in simulated parabolic flow, and Fig. 6(c) shows the reference line and estimated velocities versus actual velocities in the blood flow phan- tom. These graphs show the mean and standard deviation of the estimated velocities. additional results including the mean and standard deviation of estimation bias can be seen in Table II . Fig. 7 shows the relationship between the estimated blood flow angle and actual blood flow angle. Fig. 7(a) shows the estimated blood flow angle versus actual blood flow angle in the simulated plug flow data, Fig. 7(b) shows the estimated blood flow angle versus actual blood flow angle in the simulated parabolic flow, and Fig. 7(c) shows the estimated blood flow angle versus actual blood flow angle in the blood flow phantom. They were plotted with a reference line to represent the estimation accuracy. Further details of the flow angle estimation bias can be seen in Table III. V. discussion
The speckle size of the aligned blood flow image changes with different scan velocities, which can be seen in Figs. 4(e) and 4(f) and Figs. 5(e) and 5(f). Generally, the maximum speckle size of aligned blood flow is around 1.5 mm in the simulated plug flow. In the simulated parabolic flow and blood flow phantom, this value decreased to 1.2 mm and 1.0 mm separately. We reason that the flow gradients in the simulated parabolic flow and blood flow phantom cause speckle decorrelation, which decreases the speckle size. nevertheless, because the speckle pattern will be maximally correlated when the scan velocity equals the lateral component of blood flow, searching for the maximum speckle size of aligned blood flow image can resolve the lateral component of blood flow velocity. In Fig. 4 , and 75 cm/s, which give the maximum speckle size of aligned blood flow image, the apparent angle of speckle pattern equals the actual angle of blood flow, which is 50° in Fig. 4 and 70° in Fig.  5 . In the simulated plug flow, the estimation error of blood flow angle is low, which can be seen in Figs. 4(a) and 5(a). In Fig. 4(a) , the estimated blood flow angle is 49.2°, 51.3°, and 50.7° when the angle between the blood flow and ultrasound beam axis is 50°. In Fig. 5(a) , the estimated blood flow angle is 71.3°, 70.8°, and 70.1° when the angle between the blood flow and ultrasound beam axis is 70°. However, in simulated parabolic flow and the blood flow phantom, the estimated blood flow angle is generally greater than the actual angle of blood flow. The reason is that the flow gradient causes speckle decorrelation in the axial direction, which will reduce d roI during crosscorrelation. Because the apparent angle of speckle pattern is calculated by (2), when d roI decreases, the estimated angle of blood flow will be greater than the actual angle of blood flow. This can also be seen in Fig. 7 . Fig. 7(a) shows that the estimated angle of simulated plug flow is close to the actual angle with mean bias of less than 2%. However, in the simulated parabolic flow, the estimation bias increases because of the flow gradient. Furthermore, the estimation bias increases with decreasing angle between the blood flow and ultrasound beam axis. We reason that decorrelation in the axial direction caused by the flow gradient in a parabolic flow increases with decreasing angle between blood flow and the ultrasound beam axis. Because the angle of blood flow is estimated by axial cross-correlation on the roI, when the angle between the blood flow and ultrasound beam axis decreases, the angle estimation bias increases. Fig. 7(c) shows the estimated flow angle versus actual flow angle in the blood flow phantom. compared with simulated parabolic flow, it can be seen that the estimation bias increases because of the increasing complexity of the flow profile in the blood flow phantom. details of the angle estimation bias can be seen in Table III . It shows that the mean bias of angle estimation ranges from 0.3% to 1.5% with an average value of 0.4%. The standard deviation of bias ranges from 2.1% to 5.1% with an average value of 3.6%. In the simulated parabolic flow, because of the flow gradient, the mean bias of angle estimation ranges from 3.2% to 16.3% with an average value of 8.8%. The standard deviation of bias ranges from 3.15% to 23.4% with an average value of 10.5%. as discussed previously, the estimation bias increases by a factor of six when the angle between the blood flow and the ultrasound beam axis decreases from 70° to 10°. In the blood flow phantom, the estimation bias is increased by a factor of two compared with simulated parabolic flow because of the complexity of the flow profile in the blood flow phantom.
The relationship between estimated velocities and actual velocities can be seen in Fig. 6 . In simulated plug flow, the estimated velocities distribute close to the reference line. However, in the simulated parabolic flow and blood flow phantom, most of the estimated velocities are lower than the actual blood flow velocities; the reason is that axial speckle decorrelation causes overestimation of blood flow angle as discussed previously. Given the lateral component of blood flow velocity, when the angle of blood flow is overestimated, the blood flow velocity will be underestimated. details of the estimation bias can be seen in Table II . In simulated plug flow, the mean of the estimation bias ranges from −3% to 4%, with an average value of 2% and the standard deviation of the estimation bias ranges from 1.3% to 9.6%, with an average value of 4.6%. Because of the flow gradient in the simulated parabolic flow, the mean of the estimation bias ranges from −12.2% to 3.4%, with an average value of −5.9%. Most of the estimation bias is negative because the blood flow velocities were underestimated, as discussed previously. The standard deviation of estimation bias also increased, ranging from 8.3% to 16.4%, with an average value of 11.2%. In the blood flow phantom, the complexity of flow profile causes more speckle decorrelation. as a result, the mean of the estimation bias ranges from −15.1% to 3.1%, with an average value of −5.2%. The standard deviation of estimation bias ranges from 12.5% to 30.5%, with an average value of 21.5%. Because the underestimation of blood flow velocity is a result of speckle decorrelation, future studies may quantitatively investigate and compensate the underestimation to improve the accuracy of velocity estimation. Furthermore, only nine scan velocities were used in this experiment. In future studies, more scan velocities may be applied by a refined algorithm to increase the estimation accuracy.
spectrum analysis was also investigated in this experiment. an roI was selected from the blood flow images, and the 2-d power spectrum of the roI was calculated and compared for different scan velocities. The results showed that when the scan velocity equals the lateral component of the blood flow, the speckle pattern of the blood flow image was most spatially coherent because the scatterers and ultrasound beam were most correlated in this condition, and the power spectrum of the blood flow image had a high q-factor (energy is less distributed). When the scan velocity was higher or lower than the lateral component of blood flow, the speckle pattern was less coherent because of misregistration between scatterers and the ultrasound beam. as a result, the power spectrum of the blood flow image was more distributed (lower q-factor), which can be seen in Figs. 8 and 9 . Fig. 8 shows the results from Field II simulation where the a-line increment was less than one-fourth of the lateral beam width. It can be seen that the q-factor of the power spectrum is high when the scan velocity (50 cm/s) is close to the lateral component of the blood flow (70 × sin 50° = 53 cm/s). Fig. 9 shows the results from phantom experiments, where the a-line increment ranges from one-half to one lateral beam width as a result of the limitation of the antares ultrasound imaging system. again, it can be seen that the q-factor of the power spectrum is high when the scan velocity (52 cm/s) is close to the lateral component of the blood flow (65 × sin 50° = 50 cm/s). However, aliasing occurs because the blood flow was not adequately sampled (the maximum lateral spatial frequency of the speckle pattern is greater than the nyquist frequency). These results indicate another potential method for 2-d blood flow velocity estimation. a high-lateral-resolution ultrasound imaging system may be used for data acquisition in future studies, which will eliminate aliasing for spectrum analysis. However, this would come at the cost of an increased number of a-lines, thereby slowing the frame rate. Finally, some commentary on the length of time required to acquire data for flow estimates is appropriate here. The typical time for collecting one frame of data is around 40 ms. Because nine frames were used for each estimation, the time for the first estimation would be around 360 ms. However, subsequent estimates can overlap with previous frames (a rolling data collection), so subsequent estimates can be made in 40 ms. Thus, about 25 samples/ heart cycle can be made using this algorithm, which is similar to color flow estimates in commercial machines.
VI. conclusion
This paper investigated a new algorithm for two-dimensional blood flow velocity estimation using the apparent speckle pattern angle. The apparent angle of speckle pattern changes with different scan velocities because of misregistration between the ultrasound beam and scatterers. When the scan velocity equals the lateral component of the blood flow, the apparent angle of the speckle pattern will equal the actual angle of blood flow and the aligned blood flow has a maximum speckle size because the speckle pattern is most coherent in this condition. Blood flow data from computer simulation and flow phantom experiments were both investigated. our results showed that the proposed algorithm can resolve the amplitude and angle of the blood flow simultaneously. The angle and velocity estimation bias is below 5% in the simulated plug flow. Because of speckle decorrelation in simulated parabolic flow and the blood flow phantom, the angle of the blood flow will be overestimated and the velocity will be underestimated. The angle and velocity estimation bias increases with decreasing angle between blood flow and the ultrasound beam axis. This paper introduced a new algorithm for two-dimensional blood flow velocity estimation. Future proposed work includes using more scan velocities, determining realistic hardware and software requirements, and algorithm optimization, including the effects of optimal roI selection and the signal-to-noise ratio. 
